Abstract-Biomaterial-based tissue engineering strategies hold great promise for osteochondral tissue repair. Yet significant challenges remain in joining highly dissimilar materials to achieve a biomimetic, mechanically robust design for repairing interfaces between soft tissue and bone. This study sought to improve interfacial properties and function in a bi-layer hydrogel interpenetrated with a fibrous collagen scaffold. 'Soft' 10% (w/w) and 'stiff' 30% (w/w) PEGDM was formed into mono-or bi-layer hydrogels possessing a sharp diffusional interface. Hydrogels were evaluated as single-(hydrogel only) or multi-phase (hydrogel + fibrous scaffold penetrating throughout the stiff layer and extending >500 lm into the soft layer). Including a fibrous scaffold into both soft and stiff mono-layer hydrogels significantly increased tangent modulus and toughness and decreased lateral expansion under compressive loading. Finite element simulations predicted substantially reduced stress and strain gradients across the soft-stiff hydrogel interface in multi-phase, bi-layer hydrogels. When combining two low moduli constituent materials, composites theory poorly predicts the observed, large modulus increases. These results suggest material structure associated with the fibrous scaffold penetrating within the PEG hydrogel as the major contributor to improved properties and function-the hydrogel bore compressive loads and the 3D fibrous scaffold was loaded in tension thus resisting lateral expansion.
INTRODUCTION
Many interfacial tissues in the musculoskeletal system act as junctions that enable efficient transfer of mechanical loads from one tissue to another. One such interface exists between bone and cartilage, which can be found in both articulating joints and the spine. This interface, which is relatively thin at £100s of microns, 1 anchors together stiff subchondral bone and compliant hyaline cartilage. While there is an abrupt change in modulus of~4 orders of magnitude across this interface when progressing from bone to cartilage, 10 tissues proximal to this interface rarely fail in vivo. This observation is attributed in large part to the structural organization of the tissue. In particular, collagen fibers extend from the mineral tidemark at the interface into the deep zone of hyaline cartilage. Glycosaminoglycans (GAG), through their fixed negative charges, trap water in interstitial spaces within the cartilage and impart resistance to compression by charge-charge repulsion and interstitial fluid pressurization. As loads are transferred through the tissue, the collagen fibrils are thought to dissipate forces, 39 thus minimizing the effects of stress concentration at the interface. The unique composition and architecture of the osteochondral interface are critical components to the overall function of the bone-cartilage interface and ultimately protect the tissue from mechanical failure.
Scaffold-based tissue engineering approaches are promising for treating lesions that span cartilage, bone and the osteochondral interface. Given the distinct compositions and mechanical properties of cartilage and bone, multi-phasic scaffolds, i.e., composites consisting of two or more distinct materials, 41 have been developed where one phase is designed for bone regeneration and another phase for cartilage regeneration. 31, 32, 36, 49 The most common scaffold designs include a stiff porous ceramic scaffold for the bone region topped with a soft polymeric phase 15, 20, 27 for the cartilage region, or in some cases both phases are made from soft polymers. 16, 21, 28, 29, 37, 40, 48, 54 However, without a secure linkage between the two phases, delamination at the interface can occur 48 and in vivo the cartilage layer is prone to shear failure. 30 To overcome this shortcoming, methods to produce continuous gradients across two adjacent layered phases have been developed. For example, interdiffusion between the two phases prior to processing leads to a continuous interface possessing the compositional make-up of both phases. 24, 55 Templating methods have also been developed to create an abrupt change in pore size, where the polymer phase is continuous across the entire scaffold. 19 Overall, these studies point towards the need for a mechanically robust interface in biphasic scaffolds, particularly when mechanical loads are present and the two, layered phases possess substantially different mechanical properties.
The goal of this study was to investigate a biomimetic design for reinforcing interfaces between hydrogel-based biomaterials, in this case based on poly(ethylene glycol) (PEG) hydrogels. PEG hydrogels were chosen for their promise in cartilage, 46, 47 bone, 4, 53 and osteochondral 50 tissue engineering and the ability to achieve a range of mechanical properties that are suitable for cell encapsulation. 2, 42, 52 We hypothesized that incorporating a fibrous, collagen network, previously characterized for mechanical properties and structure 23 and cytocompatibility, 8, 9, 17, 26, 33, 58 into a PEG hydrogel would improve the overall mechanical properties, specifically by resisting lateral expansion, improving the compressive modulus, and enhancing toughness. To test this hypothesis, a cytocompatible and low-density open-cell foam scaffold prepared from collagen and GAG 5, 6, 8, 26, 38 was incorporated into mono-and bi-layer PEG hydrogels formed from monomers of PEG dimethacrylate (PEGDM). While Type II collagen dominates in native cartilage, fibrous scaffolds consisting predominately of Type I collagen were used as a proof-of-concept due to our extensive, prior characterization of these materials (note that these same materials were termed ''collagen-GAG scaffolds'' in prior works). 23, 24, 38, 56, 59 In the present study, four material systems were fabricated as follows ( Fig. 1): (1) single-phase, mono-layer hydrogels were composed of either soft or stiff PEG hydrogels; (2) single-phase, bi-layer hydrogels were formed with a stiff hydrogel layered onto a soft hydrogel of equal dimensions; (3) multi-phase, mono-layer hydrogels were formed by incorporating the fibrous collagen scaffold network throughout mono-layer hydrogels; and (4) multi-phase, bi-layer hydrogels were formed by incorporating the fibrous collagen scaffold network such that fibers persisted throughout the stiff layer and extended across the interface into the soft hydrogel, but did not extend appreciably into the bulk of the soft layer, to mimic the physical construction of the osteochondral interface. The four constructs generated for this study were characterized experimentally through microscopy and unconfined compression mechanical testing and modeled using finite element analysis.
MATERIALS AND METHODS

Methacrylation of PEG
PEG (3000 molecular weight (MW); Sigma-Aldrich, St. Louis, MO) was reacted with methacrylic anhydride (10 mol per mol PEG; Sigma-Aldrich) with trace amounts of hydroquinone (Sigma-Aldrich) following a microwave methacrylation protocol, as previously described. 35 The product PEGDM was purified by precipitation in ethyl ether and dried under vacuum for 2 days. The final product was determined to be 89% methacrylated via 1 H NMR (Varian INOVA 500) by comparing the area under the integral for the vinyl resonances to the methylene protons in the PEG backbone.
Fabrication of Fibrous Scaffolds
Cytocompatible 8, 9, 17, 26, 33, 58 fibrous scaffolds comprised of collagen and GAG were fabricated via a lyophilization process described previously. 38 Briefly, type I collagen isolated from bovine tendon (1.0 wt.%; Sigma-Aldrich) was solubilized in 0.05 M acetic acid and co-precipitated with GAG (chondroitin-6-sulfate isolated from shark cartilage, 0.1 wt.%; Sigma-Aldrich) during homogenization. Using a constant cooling rate technique, 43, 44 the collagen and GAG suspension was reduced in temperature from 20 to 210°C (mean pore size 151 (32) lm, mean (SD)) 23 and lyophilized. Scaffolds were physically crosslinked through a dehydrothermal-based (DHT) process in which scaffolds were placed in a vacuum oven (Fisher IsoTemp 201, Fisher Scientific, Boston, MA) under a 50 mTorr vacuum. 43, 44, 58 Cylindrical fibrous scaffolds were cored using a 5 mm biopsy punch and then soaked in 100% ethanol for 24 h, followed by several rinses in deionized water (diH 2 O) overnight. Scaffolds were further crosslinked (room temperature for 1.5 h) in a solution of 1-ethyl-3-[3-dimethylaminopropyl] carbodiimide hydrochloride (EDC) (Sigma Aldrich) and N-hydroxysulfosuccinimide (NHS) (Sigma Aldrich) at a molar ratio of 5:2:1 EDC:NHS:COOH. 23, 51 The fibrous scaffolds were rinsed several times in diH 2 O before use.
Fabrication of PEG Hydrogels
PEG hydrogels were formed in 1 mL syringes by polymerizing a precursor solution containing either 10% (w/w) PEGDM or 30% (w/w) PEGDM in the presence of a photoinitiator (2-hydroxy-4¢-(2-hydroxyethoxy)-2-methylpropiophenone, 0.05% (w/w); Irgacure 2959; BASF) in diH 2 O under 352 nm light (UVP model XX-20) at~5 mW/cm. 2 Single phase, mono-layer hydrogels with cylindrical dimensions of~5 mm diameter and~5 mm height were produced by polymerizing for 10 min. Single-phase, bi-layer PEG hydrogels with dimensions of~5 mm diameter (i.e., the inner diameter of the syringe) and~5 mm height were made by first polymerizing 45 lL of 30% PEGDM for 7 min and then adding a second layer of 45 lL of 10% PEGDM and immediately polymerizing for an additional 10 min. To produce multi-phase, mono-layer hydrogels, fibrous scaffolds were incorporated into mono-layer hydrogels by removing excess water from the scaffold, submerging in 50 lL of the precursor solution, exposing to three consecutive 4 s vacuum/release cycles, and finally removing excess polymer solution. The fibrous scaffold with the infiltrated precursor solution was polymerized for 10 min. For multi-phase, bi-layer hydrogels, 30 lL of 30% PEGDM precursor solution was added to each fibrous scaffold as described above before being polymerized for 7 min. Then, an additional 45 lL of 10% PEGDM precursor solution was added and the layered composite material was polymerized for an additional 10 min. All hydrogels were stored in diH 2 O for at least 48 h to reach equilibrium swelling before mechanical testing.
Scanning Electron Microscopy
Scaffold microstructure was visualized using scanning electron microscopy (SEM) using a JEOL JSM-6060LV low vacuum scanning electron microscope (JEOL USA, Peabody, MA). Images were collected using a standard secondary electron detector under low vacuum, bypassing the need for any sample sputter coating steps. 24 
Confocal Microscopy and Interfacial Thickness
Fluorescently labeled hydrogels were formed by incorporating fluorophores into each precursor solution. In brief, 0.01 mM Alexa Fluor Ò 488 C5 Maleimide was added to the 30% PEGDM precursor solution and 0.01 mM methacryloxyethyl thiocarbamoyl rhodamine B was added to the 10% PEGDM solution. To enable visualization and quantification of the single phase, bi-layer hydrogels (i.e., without the fibrous scaffold), hydrogels were fabricated between two glass slides in silicon molds of dimensions 10 mm wide by 2 mm thick resulting in gels with a total height of~5 mm. Hydrogels were imaged by confocal microscopy. Interface thickness was determined from confocal images by generating a line perpendicular to the interface. Using ImageJ software analysis tools, FIGURE 1. Mono-layer hydrogels (height 5 5 mm, diameter 5 5 mm) were fabricated from soft 10% (w/w) or stiff 30% (w/w) PEGDM and bi-layer hydrogels consisted of a soft layer polymerized onto an underlying stiff layer of equivalent height (each layer height 5 2.5 mm). Mono-layer hydrogels consisted of either hydrogel only (single-phase) or included a fibrous scaffold (multiphase) that largely spanned the width and height of the construct. In the bi-layer hydrogels, the fibrous scaffold spanned the stiff layer and penetrated to~500-1000 lm into the soft layer.
intensity as a function of distance across the interface was plotted for each of the fluorophore channels. The interface thickness was denoted by the total distance across which both fluorophore channels detected fluorescence signal over the background. To evaluate the position of the fibrous scaffold within multi-phase hydrogels, a Zeiss510/META laser scanning, twophoton confocal microscope (Carl Zeiss, Thornwood, NY), with a Zeiss Plan Neofluar 25 9 /0.80 Imm Korr objective was used to image autofluorescent collagen. This technique enabled visualization of the fibrous collagen scaffold network within the fluorescently labeled soft and stiff phases; images were added to enable visualization of the multiple phases in situ.
Mechanical testing of PEG hydrogels
Compressive testing was conducted on a Mechanical Testing System (MTS; Eden Prairie, MN). Equilibrium swollen hydrogels (n = 5/group) were tested in unconfined compression at a constant strain rate of 0.5 mm/min to 40% strain (1.5 mN pre-load; limited by a 4 N max load with a total load cell capacity of 5 N). Testing fixtures were well lubricated to minimize friction at sites of sample contact. The tangent elastic modulus was calculated from the tangent curve to each portion of the stress-strain curve spanning successive 5% strain increments between 10 to 35%. For both single-and multi-phase, mono-layer hydrogels, toughness was calculated as the area under each stress-strain curve to 20% strain in the stiff hydrogels and to 35% strain in the soft hydrogels. The selection of these endpoint values for evaluating toughness were based on the maximum loads achieved in compression testing and could have easily instead been evaluated at a single value of strain. Digital photographs were collected of the single-phase and multi-phase, mono-layer hydrogels at 0 and 40% strain, calibrated for distance, and analyzed using NIH ImageJ software to determine the longitudinal and lateral expansion. Lateral expansion was calculated as:
where e is calculated as engineering strain (i.e., change in length/initial length). Hydrogels behave non-linearly when subjected to large strains (e.g., 40% strain), thus Eq. (1) shows a calculation that is consistent with Poisson's ratio yet is instead described here as ''Lateral Expansion'' to indicate a departure from linear elastic behavior.
Finite Element Simulations
Two bi-layer PEG hydrogels were modeled using 2D axisymmetric finite element models of unconfined compression developed in Abaqus v6.13 (Simulia). Bilayer, single-phase materials included soft, 10% PEG hydrogel stacked superior to the stiff, 30% PEG hydrogel. Bi-layer, multi-phase materials simulated a fibrous scaffold that was distributed throughout the 30% PEG hydrogel and that also penetrated 500 lm into the overlying 10% PEG layer. Both models simulated cylindrical hydrogel samples with a radius of 2.5 mm and a height of 5.0 mm using 338 bilinear axisymmetric quadrilateral elements with full integration. For both models, the soft and stiff regions were assumed to be 2.5 mm high. Displacements were disallowed in a direction perpendicular to the axis of rotation, and the top surface was constrained against a rigid fixed platen using a frictionless surface-to-surface contact algorithm. To simulate loading, a displacement boundary condition was applied to the bottom surface resulting in a 20% compressive strain on the sample. The outer radial boundary was unconstrained. Adjacent differential material regions were joined using a tied contact constraint. All materials were assumed to be nonlinear elastic with compressive modulus values obtained from the tangent modulus measures collected for single-phase materials in this study (Fig. 3) . Poisson's ratios for the 30% PEG stiff hydrogel with and without inclusion of the fibrous scaffold were assumed based on experimental results for lateral expansion as 0.14 and 0.21, respectively. For the 10% PEG soft hydrogel, due to the theoretical upper limit of 0.5 for isotropic materials a Poisson's ratio of 0.49 was assumed and reduced to 0.40 with the inclusion of the fibrous scaffold based on experimental results that showed a reduction in lateral expansion with the inclusion of the fibrous scaffold for the 10% PEG soft hydrogel.
Statistical Analysis
Data were normal and homoscedastic. Significant differences were established using a multivariate AN-OVA. Significance was assigned at p < 0.05. Post-hoc comparisons were performed using Fisher's protected LSD. All data are presented as mean with standard deviation.
RESULTS
Four hydrogel conditions were investigated in this study (see experimental set-up, Fig. 1 ), which included mono-and bi-layer PEG hydrogels formed as a singlephase material (i.e., no fibrous scaffold) and as multiphase materials containing a cytocompatible fibrous scaffold. In multi-phase, mono-layer materials, the scaffold interpenetrated throughout the entire volume of each soft 10% (w/w) and stiff 30%, hydrogel monolayer. In the multi-phase materials, the scaffold interpenetrated throughout the entire height of the stiff hydrogel and approximately 500-1000 lm into the soft hydrogel (Fig. 2e) . Qualitatively, SEM images of the fibrous scaffold (Fig. 2) reveal a high degree of regular, connected pores within a continuous network of fibers (mean pore size of 150 lm, porosity of~99%). In single-phase, bi-layer hydrogels, a relatively thin and abrupt interface was formed between the soft and stiff hydrogel layers. This interface contained a thin layer formed by diffusion of the two hydrogels that was measured to be 74 (16) lm thick, a value that corresponds to approximately 1.5% of the total height of the hydrogel (Fig. 2) . When the fibrous scaffold was incorporated into the multi-phase bi-layered hydrogels, confocal microscopy with SHG was used to confirm: (1) that the fibrous scaffold extended across the interface and into the soft hydrogel layer and (2) that the hydrogel evenly penetrated the pore spaces within the fibrous scaffold (Fig. 2) . Analysis of the resulting confocal images showed excellent infiltration of the hydrogel into pores, where some regions shown in Fig. 2 (e) appear dark only due to artifacts produced during image processing to create the composite figure.
In mono-layer hydrogels, the stiff, 30% (w/w), hydrogel possessed significantly greater tangent moduli than the soft, 10% (w/w), hydrogel (Fig. 3) . As an example, between 10 and 15% strain, the soft hydrogel samples produced a tangent modulus of 131 (5.9) kPa compared to the stiff hydrogel tangent modulus of 877 (34.5) kPa. For both soft and stiff mono-layer hydrogels, the tangent modulus was significantly greater across all strain levels (p < 0.001 for all comparisons) in the multi-phase hydrogels, that contained the fibrous scaffold, when compared to the single-phase hydrogels. For the soft hydrogels, inclusion of the fibrous scaffold increased tangent moduli by 34.3% when evaluated at 15-20% strain and by 53.0% at 30-35% strain. Although the stiff hydrogels were only compressed to 20% strain (again, due to limitations of the mechanical testing setup), the fibrous scaffold significantly increased the tangent modulus by~10%. The toughness, measured as the area under each stress-strain curve to 20% strain in the stiff hydrogels and to 35% strain in the soft hydrogels, increased with inclusion of the fibrous scaffold by 17.6 and 41.9% for stiff and soft hydrogels, respectively (p < 0.001). A table insert within Fig. 3 lists the mean and SD values for toughness. Incorporating a fibrous scaffold into mono-layer hydrogels revealed that significantly greater lateral expansion occurred in the single-phase soft hydrogel (at~0.6 mm/mm) as compared to the single-phase stiff hydrogel (at~0.2 mm/mm) (Fig. 4) . Moreover, inclusion of the fibrous scaffold reduced lateral expansion by 12% (p = 0.07) in the soft hydrogel and more significantly in the stiff hydrogel by 33% (p = 0.02).
The mechanical properties of the bi-layer hydrogels as single-or multi-phase materials were also assessed. At each strain increment evaluated, tangent moduli of single-phase bi-layer hydrogels (Fig. 5) were greater than the tangent moduli reported in Fig. 3 for the soft single-phase, mono-layer hydrogels and lower than the tangent moduli of the stiff hydrogels. For example at 10-15% strain, the tangent modulus of the singlephase, bi-layer hydrogel was 319 kPa, which falls in between the soft and stiff single-phase, mono-layer hydrogels (131 and 877 kPa, respectively). The inclusion of the fibrous scaffold into bi-layer hydrogels did not significantly affect the tangent modulus across all strain levels evaluated. Under compressive strain applied to the bi-layer hydrogels, the soft layer experienced high lateral expansion as shown in the representative image in Fig. 5 . However, in bi-layer materials, the degree of lateral expansion was highly non-uniform and thus was difficult to consistently quantify. As also illustrated in Fig. 5 , the smallest lateral expansion in a bi-layer hydrogel consistently occurred at the interface between the soft and stiff hydrogel layers. Hydrogel dimensions during lateral expansion increased with distance into the soft hydrogel and away from the interface with the highest lateral expansion being at the top of soft layer.
Finite element simulations demonstrated that the addition of the fibrous scaffold to form multi-phase hydrogels resulted in an overall improvement in the stress and strain profile in the bi-layer hydrogels (Fig. 6 ). Tensile strains develop within both soft and stiff layers that lie along a direction oriented~45°from the interface in single-phase constructs (Figs. 6a and  6b) . Inclusion of the fibrous scaffold mitigates these tensile strains, where stress contours illustrate a more graded strain field throughout with reduced strain magnitudes and concentrations at the interface. Similarly, principal stresses (Figs. 6c and 6d ) and shear strains (Figs. 6e and 6f ) are of smaller magnitude and distributed more evenly in multi-phase, bi-layer scaffolds. Finally, displacement in the lateral (i.e., horizontal) direction and away from the center axis of the axisymmetric model were reduced in the region of the bi-layer hydrogel near the interface between the soft and stiff phases within multi-phase materials (Figs. 6g and 6h ). This lateral displacement was localized within the soft hydrogel for both single-and FIGURE 3. Representative stress vs. strain plots for monolayer, stiff (green) and soft (orange) hydrogels (a). Toughness (kPa) was measured as the total area under each curve indicate to 20% strain for stiff constructs and 35% strain for soft hydrogels (b); inclusion of the fibrous scaffold imparted greater toughness for both stiff and soft multi-phase hydrogels. Table inset shows mean and (SD) of toughness (kPa) for each material formulation. * indicates statistically significant difference (p < 0.05) between single-phase vs. multi-phase for the same hydrogel formulation. FIGURE 4. Inclusion of a fibrous scaffold into multi-phase, mono-layer constructs reduced the lateral expansion under unconfined compressive axial loading in stiff (green) and soft (orange) as compared to single-phase, mono-layer constructs. Lateral expansion data are a ratio of the increase in sample width to the decrease in sample height and were measured at 40% compressive strain.
multi-phase cases, where a notable reduction in bulging of the soft layer occurred in multi-phase scaffolds.
DISCUSSION
In this study, we demonstrate that the inclusion of a porous and fibrous collagenous scaffold within a PEG hydrogel, consisting of two dissimilar layers, improves overall mechanical properties and interfacial behavior. For mono-layers of hydrogel, those containing the fibrous scaffold exhibited significantly increased tangent modulus, increased toughness, and reduced lateral expansion. For bi-layer hydrogels consisting of soft and stiff layers, finite element analysis demonstrated that inclusion of the fibrous scaffold across the interface contributed to a more gradual strain gradient across the relatively abrupt interface between the two dissimilar hydrogel materials. Overall, the fibrous scaffold serves to improve mechanical function within PEG hydrogels and captures some of the key characteristics of collagen fibers within the native osteochondral tissues.
The fibrous scaffold employed in this study possesses relatively poor mechanical properties, yet its inclusion made a significant contribution to mechanical behavior. These fibrous collagen scaffold networks are highly porous (e.g., possess a mean pore size of 150 lm and porosity of~99%) and have a low compressive modulus (i.e.,~1.5 kPa in the hydrated state) 23 The single-phase PEG hydrogels used herein also possess low compressive moduli. Thus neither the Rule of Mixtures, from general composites theory, 12, 25 nor the semi-empirical Halpin-Tsai expression for fibrous composite materials 22 predict the observed increase in the compressive modulus for the multi-phase PEG hydrogels as compared to their single-phase counterparts. Briefly, these empirical formulations enable calculation of a composite material's modulus generally based on a weighted volume fraction of fibers and matrix. However both approaches limit the maximum achievable modulus of a composite material at the greatest moduli of either constituent phase. In other words, that the modulus achieved in the multi-phase materials in the present study far exceeds that of either individual phase implies that material structure, and not the material properties, is the main contributor to the greater moduli exhibited by the composite, multi-phase materials. Both phases thus must serve to counteract compressive loads.
While others have also observed substantial functional improvement when integrating fibers into a hydrogel matrix, 13, 14, 60 the role of fibers oriented transverse to the direction of loading is underexplored. In articular cartilage, as an example, anisotropic collagen fibers are aligned parallel to the direction of externally applied compressive loads and anchor into the underlying zone of calcified cartilage. The hydrated GAGs and other extracellular matrix molecules largely bear compressive loads, while the collagen fibers resist tensile and shear. 11, 57 In contrast, the fibrous collagen scaffold networks in this study are generally isotropic and so are capable of resisting tensile loading in any direction. Accordingly, we observed that lateral expansion of the hydrogels under unconfined compression was reduced in the fiber-reinforced hydrogels compared to their non-reinforced counterparts. Given that each hydrogel has roughly equivalent initial diameter (and thus equivalent area), a greater force was required to load the hydrogels that incorporate the fibrous scaffold to an equivalent strain. This implies the fibrous scaffold contributes to stiffness by resisting lateral expansion of the hydrogels under applied compressive loads and leads to the higher modulus and toughness. While the compressive modulus of these fibrous collagen scaffolds is low, their tensile modulus is substantially greater (e.g.,~50 kPa in the hydrated state, compared to a compressive modulus of 1.5 kPa). 7, 23, 56 Moreover, the enhancement in mechanical properties with fiber reinforcement was more pronounced in the soft hydrogels, which is consistent with a higher lateral expansion observed in these materials. Thus, it can be deduced that the threedimensional nature of the scaffold, which was carefully preserved during manufacture of the multi-phase materials, enabled axial compression to be translated into lateral strains that were limited by the fibers within the scaffold. In this manner, lateral expansion is reduced in the multi-phase scaffolds as the fibrous elements appear to be transversely loaded in tension. Thus both material (i.e., properties of each constituent) and structural (i.e., 3D geometry) contributions are critical FIGURE 5. Tangent modulus plotted vs. strain increment for single-and multi-phase, bi-layer hydrogels. No statistically significant differences were observed when including the fibrous scaffold within the bi-layer hydrogels (Left). The apparent similarities in measured tangent modulus likely resulted from the high expansion in the soft, 10% (w/w) PEG phase relative to the low expansion of the stiff, 30% (w/w) PEG layer (Right).
factors in designing multi-phase materials for tissue engineering applications.
Bi-layer hydrogels, which are promising materials for osteochondral tissue engineering, 29, 36, 40, 49 were produced with a stiff layer to represent the 'bone' region, a soft layer to represent the 'cartilage' region, and a thin <100 lm, interface. The porous, fibrous scaffold was incorporated throughout the stiff, 30% (w/w) PEGDM layer and extended into the overlying soft, 10% (w/w) PEGDM by~500-1000 lm to simulate two critical architectures observed within the native osteochondral interface tissues: (1) a 3D collagen matrix within bone and (2) collagen fibrils that serve to anchor the soft hyaline cartilage to the underlying mineralized tissues. This design clearly does not recapitulate other key architectural attributes of the native tissues, such as the parallel-aligned collagen fibrils that form the structural backbone within hyaline articular cartilage 3 or the underlying mineralized tissues.
11,18 Instead, we sought inspiration from the native osteochondral interface where collagen fibers extend from the zone of calcified cartilage through the hyaline cartilage to span tissues possessing moduli that vary by several orders of magnitude. These fibers thus serve as a physical anchor and bear loads such that they reduce stress concentrations that might otherwise form at the interface between the two tissues. 11, 57, 55 Similarly, our material system enables us to evaluate the effectiveness of a fibrous phase to reduce stress and strain concentrations at the interface of two highly compliant, hydrated materials possessing dissimilar moduli.
A limitation of the present study, and a necessary component in future work, is the lack of experimental evaluation of shear failure of the interface between stiff and soft layers in bi-layered hydrogels. 55 In this study 17% of the single-phase, bi-layer hydrogels subjected to compressive loading exhibited a clear pattern of failure due to shear forces whereas none of the multiphase materials failed in this manner. Such shear failure was noted by a circular fracture plane that was oriented~45°from the stiff-soft material interface and matched the plane of high intensity shear strains noted in FEM simulations (Fig. 6a) .
The interface between soft and stiff layers in bilayered hydrogels appeared to form a material continuum through which stresses and strains are transferred. This interface likely formed as a result of diffusion of the two adjacent hydrogels, thus creating physical entanglements between the two layers. Although high conversions are readily reached in these highly swollen networks, there is the potential for covalent bonds to form between the two layers as a result of incomplete conversion of the first layer. Similar to cartilage and bone that form the native osteochondral interface, 11, 57 the architecture of our bi-layer hydrogel leads to an abrupt change in mechanical properties across a relatively thin region. For example, the tangent modulus of the stiff, mono-layer and single-phase hydrogels was~6.59 that of the soft hydrogels. In bilayer hydrogels, the interface between the two layers was formed by a~70 lm thick region that was formed by diffusion during polymerization. While this study did not directly evaluate properties within this interfacial region, this diffusional layer likely possessed a modulus in between that of the soft and stiff singlephase hydrogels. Further mechanical testing of this region, perhaps using atomic force microscopy, is needed to evaluate the modulus of this diffusional layer.
Observation and analysis of photographs and videos collected during compression testing (example in Fig. 5 ) clearly illustrated that the more compliant, soft hydrogel within the bi-layer experienced far greater deformation as compared to the stiff hydrogel layer under compressive loading. We hypothesized that inclusion of the fibrous scaffold would mitigate the stress and strain concentrations that result from loading at dissimilar interfaces joining fragile materials. Experimental evaluation of strains across the narrow interface region were not possible with our experimental setup. Therefore, computational finite element modeling (FEM) was used to evaluate how inclusion of the fibrous scaffold influenced stress and strain gradients across the interface and throughout each hydrogel layer. FEM indicated improved stress and strain profiles in bi-layered hydrogels with the inclusion of the fibrous scaffold. In the model, matched to experimental dimensions and test parameters, the fibrous scaffold penetrated 500 lm into the soft hydrogel layer. However some variability was likely inherent to our experimental fabrication process and the degree to which the sponge materials were swollen; consequently, penetration sometimes extended slightly beyond 500 lm. Unfortunately, these distances were not histologically evaluated as the samples were compressed to 40% strain and often experienced failure after compressive strains exceeded 35%, thus casting doubt on any subsequent physical analyses. For these reasons, the location and width of the fibrous scaffold within the hydrogel was not directly evaluated. However, visual assessment of these scaffolds indicated that the scaffold was centrally positioned (relative to the long axis of the sample) and spanned to less than 0.5 mm of each side of the hydrogel. No samples were included that deviated from these observations. However these manufacturing concerns proved to be minor. The coefficient of variance in experimental testing data was low, indicating small influence of any variability in scaffold penetration and construction of multi-phase materials. In addition, the FEM simulations demonstrated that the fibrous sponge largely improved stress and strain profiles across the interface. Additional FEM simulations demonstrated that increasing the penetration distance to 1000 lm resulted in further functional improvements. Overall, the fibrous scaffold appears to mitigate stress and strain distributions that would otherwise increase the propensity for interfacial failure between the dissimilar hydrogels.
Due to high lateral strains within the soft layer, no increase in modulus of bi-layer hydrogels was observed in experimental unconfined compression testing. However, FEM results predict that inclusion of the fibrous scaffold in bi-layered hydrogels contributes to a 4.16% greater compressive modulus at 20% strain. As the soft layer was observed to deform much more than the stiff layer in the bi-layered systems, it is likely that the stiff layer provided the major contribution to the modulus. Experimental compression testing also likely produced a mechanical response that was produced primarily by large compressive strains within the soft layer. Inclusion of the fibrous scaffold exerted little influence on this behavior as it existed throughout the stiff layer and extended only a small distance into the soft layer. A different behavior was observed due to the assumptions used for the FEM simulations: i.e., elastic material properties, linear stress-strain behavior, and a homogenized material where the hydrogel and fibrous scaffold moduli were summed (i.e., similar to loading a rheological model containing two parallel springs). Thus, the constitutive relationships used for relating stress to strain in the FEM simulations may require modification to better match the observed behavior of the materials evaluated herein. Presently, experimental results from this study were implemented directly into the FEM to simulate each material region without specific constitutive material models. Additional materials testing is required to incorporate an appropriate phenomenological constitutive model into the FEM, such as the mean tensile modulus for the struts within the fibrous scaffold and lateral expansion data as a function of strain applied to the sample. Moreover, improvements to the FEM could include the hydrogel and the fibrous sponge as separate materials. This approach would permit valuation of how anisotropy and fiber orientation within a hydrogel matrix can be tailored to direct stress and strain gradients for specific functional applications. Last, while PEG hydrogels generally exhibit elastic behavior at low strains, 45 the high strains applied in this study resulted in non-linear stress-strain behavior. A range of strain energy functions exist that describe nonlinear behavior at high strains, 34 and optimization studies could be performed to ensure that the FEM is better able to accurately simulate behavior of all materials combinations in this study. While the FEM did not exactly simulate the observed experimental behaviors, the simulations generally represented the stress and strains produced by compressive loading of the material system under study. Refinement of this FEM to more closely represent experimental behaviors would enable its use in designing and optimizing new multiphase and multi-layer materials for functional tissue engineering applications.
CONCLUSIONS
This study demonstrated the successful development of a hydrogel-based composite that informs the design of osteochondral tissue engineering applications. The integration of a relatively weak fibrous scaffold into a comparably weak hydrogel demonstrated vastly improved mechanical properties, where the structural nature of each material contributed to improved resistance to compression. Future studies will focus on evaluating how to capture similar functional improvements when an infiltrating fibrous scaffold is highly anisotropic, such as in functional tissue engineering of cartilage. Overall, this study establishes a new paradigm for osteochondral tissue engineering that has potential to be extended to regeneration of other soft tissue-to-bone interfaces and integrative soft tissue repair. 
